Purpose: The thermal effect of the intramyocardial blood perfusion on the size of lesions created by radiofrequency cardiac ablation (RFCA) has not been adequately studied to date.
Introduction
Radiofrequency (RF) ablation is a minimal technique generally employed to cure cardiac arrhythmias. As with other high-temperature based ablative techniques, numerical modeling has been mostly used to study the effect of different factors [1] , or even as a predictive tool to estimate the dimensions of the thermal lesion created [2] . In mathematical terms, the problem is solved using the bioheat equation, which is a heat transfer equation generally used as a balance equation in heat transfer analysis. It includes a term to model the loss of heat by blood flow in capillaries in a homogeneous way, i.e. throughout all the tissue. This mechanism of heat evacuation has been shown to be an important factor in limiting the size of the thermal lesion in certain circumstances, such as RF tumor ablation in well-perfused organs [3] , but it has not been taken into account in RF cardiac ablation (RFCA). In this respect, since Haines and Watson [4] reported that thermal lesion size was unaffected by the intramyocardial blood flow, most computer models have ignored the term of the bioheat equation representing the blood perfusion [5−14] . Only a couple of computer models considered this term [15−16] , with a perfusion value of 5 kg/m 3 s, which is equivalent to 200 ml/min/kg. This value is really low compared to that reported in data bases (average 1026 ml/min/kg; range from 609 to 1719 ml/min/kg) [17] . Neither did these two computer studies assess the impact of its inclusion in the bioheat equation, i.e. there was no comparison with the case without a blood perfusion term. The study by Obradovic et al [18] focused on the thermal effect of the coronary artery flow by including its geometry in the model domain, but they did not consider the distributed thermal effect caused by the intramyocardial microvasculature, which is really modeled by the blood perfusion term of the bioheat equation. Interestingly, the Haines and Watson findings [4] were exclusively based on constant temperature ablations conducted with a non-irrigated electrode. Consequently, the effect of the intramyocardial blood perfusion on lesion size under constant power and an irrigated electrode are still unknown. Our goal was to assess the impact of its inclusion in computer models of RF cardiac ablation in terms of thermal lesion depth and consider how information obtained from perfusion imaging techniques (e.g. those based on magnetic resonance imaging (MRI) [19] ) could be employed to tune predictive tools based on computer modeling. The electrode was assumed to be placed in a perpendicular position with respect to the tissue in order to create an axis symmetry, which allowed us to consider a two-dimensional model. The electrode (7Fr in diameter and 4 mm long) was assumed to be inserted into the tissue to a depth equal to one-sixth of its diameter (D E ∼0.4 mm). Two electrode designs were considered, both similar to those currently used in RF cardiac ablation: a non irrigated electrode and an irrigated electrode. The dispersive electrode was modeled as an electrical boundary condition at a distance from the active electrode (bottom surface). Cardiac tissue thickness (T) and the dimensions of blood chamber (X = Y) were estimated by means of a convergence test in order to avoid boundary effects. In this test, the value of the maximal temperature in the tissue (T max ) and the lesion depth (D) at the axis symmetry, marked by the 50ºC isothermal line, after 60 s of RF heating were used as control parameters. We first considered a tentative spatial (i.e. minimum meshing size) and temporal resolution. To determine the appropriate parameters, we increased their values by equal amounts. When the difference in the T max and D between consecutive simulations was less than 0.5%, we considered the former values to be adequate. We then determined adequate spatial resolution by means of a similar convergence test using the same control parameters as in the previous test. Discretization was spatially heterogeneous: the finest zone was always the electrode-tissue interface, where the largest voltage gradient was produced and hence the maximum value of current density. In the tissue, grid size was increased gradually with distance from the electrode-tissue interface (see Figure 1 (b)).
Materials and methods

Description of the computational model
Governing equations
The numerical models were based on a coupled electric-thermal problem which was solved numerically using the Finite Element Method (FEM) with ANSYS software (ANSYS, Canonsburg, PA, USA). Simulations were run on a Corel i7-3770 laptop with Windows 7 and 8 GB of RAM. The governing equation for the thermal problem was the bioheat equation [1] :
where ρ is density (kg/m 3 ), c specific heat (J/kg•K), T temperature (ºC), t time (s), k thermal conductivity (W/m•K), q the heat source caused by RF power (W/m 3 ), Q p the heat loss caused by blood perfusion (W/m 3 ) and Q m the metabolic heat generation (W/m 3 ). Q m was not considered because it is negligible in comparison to the other terms [5] . Q p was the most relevant term in the context of this study, and it was computed as follows:
where ρ b is the density of blood (kg/m 3 ), c b the heat capacity of blood (J/Kg·K), T b the blood temperature (37ºC), and ω b the blood perfusion coefficient (s −1 ). Three values of ω b
for cardiac tissue were considered: ω b_min =0.010 s −1 , ω b_avg =0.017 s −1 , and ω b_max =0.029 s −1 which corresponded with blood perfusion rates of 609, 1026 and 1719 mL/min/kg, respectively [17] . These values were obtained from a database which gathered data from two studies, and hence could be of limited worth. The most recent perfusion imaging techniques can assess the perfusion rate in specific zones of the cardiac muscle. For example, a recent study employed the Arterial Spin Labeling (ASL) technique to measure the blood perfusion in humans at rest and reported a value of 1750 ± 860 mL/min/kg, which is even higher than the maximum value reported in the above-mentioned database [17] . The case without the blood perfusion term was also considered for comparison (ω b =0).
Furthermore, in all the cases, the value of ω b was set to zero at those points at which a temperature of 50ºC was reached, which allowed modeling the loss of blood perfusion due to the thermal destruction of the tissue.
At the RF frequencies (≈500 kHz) used in RF heating, and over the distance of interest, the biological medium can be considered almost totally resistive, since the displacement currents are much less important than the conduction currents. A quasi-static approach to solving the electrical problem was therefore possible [20] . Then, the distributed heat source q is given by q = σ|E| 2 , where |E| is the magnitude of the vector electric field (V/m) and σ the electrical conductivity (S/m). E = −∇Ф is calculated from the gradient of the voltage Φ(V), which, in absence of internal electric sources, satisfies:
Model properties and boundary conditions
The thermal and electrical properties of the model elements are shown in Table 1 [15, 16] .
The initial temperature in the entire model was 37ºC. The electrical (σ) and thermal conductivity of cardiac tissue was considered as a temperature-dependent function as follows: it rose linearly +1.6%/ºC up to 100ºC, where 0.6 S/m was the value of the electrical conductivity assessed at 37ºC (see Table 1 ), and then it decreased 2 orders for five degrees to model the tissue desiccation process [21] . proportional-integral (PI) control algorithm was implemented [22] , whose behavior was determined by the proportional (K p ) and the integration (K i ) constant. The output of the PI controller corresponded to the applied voltage that was modulated to maintain the temperature at 50ºC in the sensor located approximately in the middle zone of the electrode tip [23] . We adjusted K p and K i until achieving 50ºC in approximately 10 s, obtaining a value of K p = 0.02 and K i = 0.01. For constant power mode, the electrical current was adjusted by means of calculating the electrical impedance in order to apply a constant RF Regarding the thermal boundary conditions, a null thermal flux was used on the symmetry axis and a constant temperature of 37ºC was fixed on the outer surfaces of the model at a distance from the ablating electrode (this was also the initial temperature value).
The effect of blood circulating inside the cardiac chamber was modeled by thermal convection coefficients at the electrode-blood (h E ) and the tissue-blood (h T ) interfaces, considering electrical conductivity of blood independent of temperature (as in Method 2 in [23] [23] . The irrigated electrode was modeled by fixing a temperature of 45ºC only in the cylindrical zone of the electrode tip, leaving the semispherical tip free, as in a previous computational study [24] . This approximation for modeling an irrigated electrode is suitable for predicting lesion depth and also the maximum temperature reached in the tissue at all times during ablation [25] .
Output variables
The lesion depths (D) computed without including the blood perfusion term in the bioheat equation were compared to those computed when it was included. The thermal lesion depths were identified by the 50ºC isotherm contour, as in previous studies [6, 7, 11, 23] , which is usually considered to reasonably represent the isotherm of irreversible myocardial injury in hyperthermic ablation [26] . The applied total energy during was also calculated for each case.
Results
The convergence test provided optimal cardiac tissue thickness of T = 40 mm and blood chamber dimensions of X = Y = 40 mm, a grid size of ∼19 µm in the finest zone (electrodetissue interface) and ∼2 mm in the coarser zone (outer limits). The asymmetrical model had around 16,200 elements and 9,000 nodes. The time step was automatically set and was gradually increased from 2 to 200 ms. Table 2 shows the lesion depths and the applied total energy for each case. As expected, all the depths computed without including the blood perfusion term were larger than those that did include this term, regardless of the perfusion rate. When the depths computed without blood perfusion (ω b =0) were compared with the case of average perfusion (ω b_max =0.017 s −1 ), the differences were ∼0.3 mm at 30 s, and reached ∼0.7 mm after 60 s.
The differences were more or less independent of the value of the thermal convection coefficient for high and low circulating blood flow, electrode type, and ablation protocol.
For the case of maximum perfusion (ω b_max =0.029 s −1 , 1719 mL/min/kg), the differences increased by up to ∼1 mm after 60 s. Figure 2 shows the temperature distributions in the tissue after 30 and 60 s of radiofrequency ablation for this maximum rate. The increase in the difference over time is clearly noticeable. This case is relevant, since a recent study reported a perfusion value even higher for resting humans (1750 ± 860 mL/min/kg [19] ). Figure 3 shows the progress of applied power (between 6 and 7 W) in the case of constantpower ablation, and electrode temperature (50ºC target) in the case of constant-temperature ablation.
The applied total energy requested for keeping the temperature constant with the non irrigated electrode was highly dependent on the blood flow around the electrode and on the tissue surface (parameters h E and h T ) but was practically unaffected by the intramyocardial capillary blood flow (term Q p ). Logically, in the case of the irrigated electrode with constant power, the applied total energy was constant in all cases.
Discussion
This study employed a numerical model to assess the thermal effect of intramyocardial capillary blood flow on the lesion depth created after RFCA. Overall, the values of the lesion depths computed were similar to those reported in experimental studies [4] . The computer simulations showed that the fact of including or ignoring the blood perfusion term (with a perfusion rate of 1719 mL/min/kg) could imply a difference of up to ∼1 mm after 60 s of RFCA, both with irrigated and non irrigated electrodes. Although this value is comparable to the standard deviation usually reported for the experimentally obtained lesion depths [4] , the result has important implications from both the modeling and clinical points of view. As regards RFCA modeling, our results suggest that the Q p term should be taken into account for models with application times longer than 60 s. The clinical implication is evident: under certain circumstances, intramyocardial capillary blood flow could limit the growth of the lesion created during RFCA, impeding it from reaching the target causing the arrhythmia.
Comparison with experimental data
To our knowledge, the only extant experimental data on the effect of blood perfusion in RFCA is that of the study carried out by Haines and Watson [4] . Although these authors did not observe any differences in lesion depth between the perfusion and non-perfusion group, we suspect that their experimental conditions did not accurately reproduce in vivo conditions in terms of intramyocardial blood perfusion. Both in [4] and in a subsequent study published a year later [27] the myocardial perfusion was maintained by infusing a solution through a coronary artery at 10 mL/min. Interestingly, this value is lower than some reported ranges (18 − 161 mL/min [28] , 56 −113 mL/min [29] ), which could be why they found no differences between thermal lesions created with and without perfusion.
Although the available experimental data on the effects of blood perfusion on lesion size created by RFCA are scarce, the present findings could also be considered in the context of RF ablation on other organs, for instance the liver, in which hepatic vascular inflow occlusion during RF ablation (Pringle maneuver) is a feasible method of drastically increasing lesion volume [30] , which suggests that blood perfusion is indeed relevant in this case. Surprisingly, the database employed in this study [17] provides smaller blood perfusion values for liver (average of 860 mL/min/kg, range 422−1273 mL/min/kg) than for heart muscle (average of 1026 mL/min/kg, range 609−1719 mL/min/kg), which suggests that if it is relevant for liver ablation, it should also be important in cardiac ablation.
Clinical and experimental implications
The results of the present study show that the effect of the blood perfusion term increases in importance as ablation progresses, which suggests that the possible clinical implications should distinguish between short and long-duration cardiac ablations. The maximum difference between including and excluding blood perfusion (∼1 mm after 60 s) is probably irrelevant in the case of RFCA for atrial fibrillation, in which the aim is to create transmural lesions on an atrial wall that may be as thin as 0.6−1.0 mm [31] , even though the intramyocardial capillary blood flow is increased in this case [32] . More important is the fact that ablations on the atrial wall are getting shorter and shorter, so that, for instance, we can affirm that the blood perfusion effect will be completely negligible for ultra-short applications of just 5 seconds [33] .
The implications will be different in the case of RFCA for scar-mediated ventricular tachycardia, in which the tissue area responsible for the arrhythmia (i.e. the target) could be sited deep in the ventricular wall, which would require a thermal lesion deep enough to destroy the focus of the arrhythmia. In fact, the current ablative technologies are sometimes unable to create thermal lesions deep enough to reach the target. To overcome this drawback, ablations are generally longer than 1 minute [34] with the idea of getting the lesion to grow by thermal conduction. Moreover, as in RF hepatic ablation clamping maneuvers, our results indirectly suggest that some kind of occlusion aimed at temporarily ceasing intramyocardial blood perfusion (and hence canceling the Q p term) could be employed in the presence of thick ventricular walls (where the target is expected to be quite deep) in order to minimize the heat removal effect and to obtain larger lesions. In fact, this strategy has already been used in the past in cardiac ablations next to the coronary venous system in order to minimize its heat-sink effect [35] .
The present results suggest that, at least in long ablations, the intra-myocardial blood perfusion term should be taken into account in the context of developing computer modeling tools to guide RFCA therapies. In practical terms, this could be done by measuring the blood perfusion at the specific target point (picked up for instance by magnetic resonance imaging). Other pre-treatment measurements could be conducted to characterize the tissue properties in the target zone, and hence to improve the accuracy of simulation-based tools. For instance, impedance measurements would make it possible to estimate electrical conductivity. In this respect, previous results have shown that the changes in specific heat and electrical and thermal conductivities from +100% to −50% implied lesion depths that ranged from 0.5 to 2.2 mm [9] . Some of these figures are indeed comparable with the differences found in the present study between ignoring and including the blood perfusion term, which once again suggests that the effects of this term need not be considered.
Although the effect of ignoring/including the blood perfusion term was more or less independent of the blood flow around the ablation electrode (see last column in Table 2 ), the specific value of the convective heat transfer coefficient (which depends on the ablation site [2, 11] ) did have an important effect on lesion depth (differences up to 1 mm between high and low blood flow). Consequently, in order to develop computer modeling-based tools able to predict lesion size, pre-treatment clinical measurements could be conducted to assess local blood flow conditions, for instance by applying low power pulses prior to ablation and observing the temperature evolution measured by a sensor embedded at the catheter tip [36, 37] .
Limitations of the study
This study has certain limitations which need to be pointed out. Firstly, the model assumed homogeneous tissue in terms of all tissue properties, including blood perfusion. The results could thus vary if the model assumed the spatial heterogeneity of blood perfusion, e.g.
within a target zone causing cardiac arrhythmia. However, if realistic information about this spatial distribution could be obtained by perfusion imaging techniques, it could be subsequently used in the model to increase its accuracy.
Secondly, the value of ω b was set to zero at those points at which a temperature of 50ºC was reached. Although this method of mimicking the cessation of perfusion caused by thermal necrosis has commonly been employed in thermal ablation models [38, 39] , it may not be sufficient, as it does not consider the exponential time-temperature relationship of microvascular perfusion cessation [40] . Schutt and Haemmerich [40] compared the method based on a threshold temperature (as employed in this study) to another in which cessation was gradual and dependent on a thermal damage function. They simulated ablations of 12-15 minutes, which is considerably longer than those simulated here (1 minute). It is possible that the differences are much smaller in the case of short ablations.
Thirdly, all the computer simulations were conducted for a specific set of tissue properties. However, we can assume that the effect of changing the tissue properties is reasonably independent of the blood perfusion effect, as this mechanism basically acts as a heat evacuator in the governing equation [41] . Furthermore, previous simulations of RF hepatic ablation considering applications several minutes long showed that the inclusion of the blood perfusion term has an even greater impact on lesion size than variations in the electrical conductivity of the tissue [42] .
Fourthly, the models built included the thermal effect of circulating blood inside the cardiac chamber by considering convective coefficients at the electrode-blood and tissueblood interfaces. For this purpose, the models included the blood in the domain, and assumed a constant value for its electrical conductivity. This method is the most suitable alternative to including the blood circulation in order to reduce the computational complexity [23] , and although it does not provide a realistic blood temperature distribution, it does predict lesion depth reasonably well. The maximum differences found in our study between including and excluding the blood perfusion term were around 1 mm, which could suggest that the method employed was not suitable. In spite of this, since the effect of the blood perfusion term is simply to evacuate heat in a distributed way and in proportion to the local temperature rise (see Eq. 2), we can assume that the conclusions would be equally valid in the case of 3D models including blood circulation.
And finally, the conclusions drawn here have to do only with the blood perfusion term associated with capillary myocardial perfusion. The proximity of large vessels such as the great cardiac vein and coronary sinus would surely have a great impact in terms of heat evacuation and hence would limit the lesion size [35] . Computer modeling of RFA next to these large vessels should explicitly include the geometry of the vessel, as in Obradovic et al [18] . In these cases, extra energy will possibly have to be delivered in order to overcome the protective thermal effect of vascular perfusion [43] , as opposed to the only 1 J of extra energy that had to be applied in the constant temperature case in the present study.
Conclusions
The results show that the lesion depths computed by including the blood perfusion term could be up to 1 mm larger than those computed by ignoring this effect in the case of long ablations (> 1 minute). As a result, our findings suggest that blood perfusion should be taken into account in long ablations on the ventricular wall, while it can be ignored for short ablations on the atrial wall.
Table 1
Physical characteristics of tissues and materials employed in the computational models (data from [15, 16] h↑ and h↓ mean high and low values of thermal convection coefficients (h E and h T ) calculated by high and low blood flow velocity, respectively [23] . These values would correspond with different locations inside the cardiac chamber.
∆D are the differences in depths computed between the cases with and without blood perfusion (considering the average perfusion rate of 1026 ml/min/kg; between brackets the values for the minimum and maximum perfusion rates 609 and 1719 ml/min/kg, respectively). Only in the case of simulating an irrigated electrode, a constant temperature of 45ºC was applied at the electrode tip but not in the part inserted in the tissue. an irrigated electrode at constant temperature. Plots correspond to cases in which the blood perfusion term was not included in the bioheat equation. Solid line is the 50ºC isotherm, which can be assumed to be the thermal lesion contour. Dashed line represents the location of this contour when the blood perfusion term is included at a rate of 1719 ml/min/kg (maximum value reported in [17] , but very similar to that measured in resting humans (1750 ± 860 mL/min/kg) using perfusion imaging techniques [19] ). 
